Abstract The evolution of magnetic resonance imaging (MRI) has been astounding since the early 1980s, and a broad range of applications has emerged. To date, clinical imaging of nuclei other than protons has been precluded for reasons of sensitivity. However, with the recent development of hyperpolarization techniques, the signal from a given number of nuclei can be increased as much as 100,000 times, sufficient to enable imaging of nonproton nuclei. Technically, imaging of hyperpolarized nuclei offers several unique properties, such as complete lack of background signal and possibility for local and permanent destruction of the signal by means of radio frequency (RF) pulses. These properties allow for improved as well as new techniques within several application areas. Diagnostically, the injected compounds can visualize information about flow, perfusion, excretory function, and metabolic status. In this review article, we explain the concept of hyperpolarization and the techniques to hyperpolarize 13
Introduction
The nuclear magnetic resonance (NMR) phenomenon was discovered in the 1940s [1, 2] and proposed for imaging purposes three decades later [3] . Since then, magnetic resonance imaging (MRI) has evolved into one of the most powerful techniques in diagnostic clinical medicine and biomedical research. Today, MRI is primarily used as a technique for producing anatomical images but can also offer functional information on, for instance, motion, flow, perfusion, and diffusion. While MRI reveals soft tissue morphology in detail, magnetic resonance spectroscopy (MRS) provides information on the physical-chemical state of tissues, and its usefulness as a tool in in vivo biological research is clearly established. Spectroscopy of nuclei other than 1 our knowledge of metabolism; for example, the study of intermediary metabolism of biomolecules has taken new directions by in vivo 13 C spectroscopy [4] . A fundamental reason for the generally low sensitivity of the NMR technique is the low polarization of the nuclei at thermal equilibrium: even at high magnetic fields, only about one of 10 5 nuclei contributes to the detectable signal. In the case of 1 H, the low sensitivity is counterbalanced by the high concentration of protons in biological tissues. Compared with 1 H, though, the MR sensitivity of 13 C is severely impaired due to the lower gyromagnetic ratio of 13 C and the low in vivo abundance of the nucleus. For these reasons, clinical imaging applications were in the past restricted to 1 H. However, techniques are now available to increase the polarization of selected nuclei by a factor of ∼100,000 or more. Using optical pumping techniques, it has accordingly been possible to hyperpolarize noble gases ( 3 He and 129 Xe) to an extent that allows for MRI of the airspaces of the lungs [5] [6] [7] [8] , and the impact of this on the clinical diagnosis of the lung has recently been reviewed [9, 10] . Lately, techniques have been developed for hyperpolarization of 13 C as well [11, 12] .
Hyperpolarization versus thermal equilibrium polarization
The principle of NMR is based on the interaction of atomic nuclei with an external magnetic field. A fundamental property of the atomic nucleus is the nuclear spin, and nuclei with nonzero spin can be studied with NMR. Nuclei with spin=1/2 (such as 1 H (protons) and 13 C) orient themselves in two possible directions: parallel ("up"), or antiparallel ("down") with the external field. The net magnetization per unit volume, and thus the available NMR signal, is proportional to the population difference between the two states. The polarization level is defined as
where N + and N − are number of spins in the "up" and "down" directions, respectively. If the two populations are equal, their magnetic moments cancel, resulting in zero macroscopic magnetization and thus no NMR signal. However, under thermal equilibrium conditions, slightly higher energy is associated with the "down" direction, and N − will thus be slightly smaller than N + (Fig. 1) . For a nucleus with spin=1/2, the thermal equilibrium polarization P th is given by
where B0 is the magnetic field strength, the gyromagnetic ratio for the nucleus, T the temperature, kB the Boltzmann constant, and ħ the Planck constant. As mentioned in the introduction, the thermal equilibrium polarization is very low: even at a magnetic field of 1.5 T, it is only 5·10−6 for 1 H and 1·10−6 for 13 C (at body temperature). The signal-to-noise ratio (SNR) is proportional to the gyromagnetic ratio, the concentration, c, of the nuclear spins and the polarization
The fact that the thermal equilibrium polarization increases proportionally with the magnetic field (Eq. 2) has motivated the development of MRI systems with everhigher fields. Accordingly, 3-T instruments are nowadays available for clinical whole-body imaging [13] . Even higher fields are technically achievable, but practical problems, such as radio frequency penetration depths and tissue contrast, increase rapidly with increasing field.
A different concept to increase the polarization is to create an artificial, nonequilibrium distribution of the nuclei: the "hyperpolarized" state where the population difference N + −N − is increased by several orders of magnitude compared with the thermal equilibrium ( Fig. 1 ) and independently of the magnetic field strength of the MR imager. The hyperpolarized state of an imaging agent can be created by an external device followed by rapid administration of the agent to the subject to be imaged. This approach has been used for hyperpolarization of a wide range Fig. 1 Pictorial description of the orientation of the nuclei at thermal equilibrium and in the hyperpolarized state. In the figure, the magnetic field (B 0 ) is directed vertically upwards of organic substances containing 13 C by either para-hydrogen-induced polarization [11] or DNP hyperpolarization [12] . Other nuclei that are feasible for hyperpolarization include 3 He, 129 Xe, and 15 N. What these methods have in common is that the polarization is enhanced by a factor of ∼100,000 or more compared with the thermal equilibrium polarization level (at 1.5 T). The hyperpolarized state has, however, a limited lifetime: once the hyperpolarization has been created, the polarization will strive to return to the thermal equilibrium level at a rate governed by the T 1 relaxation time. T 1 strongly depends on the chemical structure and environment of the hyper polarized compound, and for 13 C it can typically range from a few seconds to several minutes [14] .
Hyperpolarization techniques for 13 
C
The "brute-force" approach It follows from Eq. (2) that the thermal equilibrium polarization increases with increasing magnetic field strength and decreasing temperature. A straightforward "brute-force" approach to increase the polarization in a sample is thus to subject it to a very strong magnetic field at a temperature close to zero K [15] . For example, by cooling down the sample to liquid helium temperature (4 K) at a field strength of 20 T, the polarization is increased by a factor of 1,000. A signal increase by a factor of 1,000 is, however, insufficient for clinical 13 C applications, and the bruteforce method would require impractically low temperatures [in the milli-Kelvin (mK) range] to be useful.
Dynamic nuclear polarization (DNP)
Under moderate conditions (1 K and 3 T), the 13 C nuclear polarization is below 0.1% whereas the electrons are polarized to >90% owing to the much larger γ of the electron (cf. Eq. 2). Using the dynamic nuclear polarization (DNP) technique, the high polarization of the electron spins can be transferred to coupled nuclear spins [16] . In the method by Ardenkjaer-Larsen et al. [12] , the material containing the nuclei to be hyperpolarized is doped with a substance containing unpaired electrons, which have a thermal equilibrium polarization of almost unity when exposed to a magnetic field of ∼3 T at a temperature of ∼1 K. Microwave irradiation near the electron resonance frequency is used to transfer the polarization from the unpaired electrons to the 13 C nuclei. Due to the short T 1 of the electrons (∼1 μs), the electrons rapidly regain their polarization. By this pumping process, the nuclear polarization in the solid material can be increased to 20-40%. By rapid dissolution, the solid is transformed into an injectable liquid with small polarization losses.
Parahydrogen-induced polarization (PHIP)
The parahydrogen-induced polarization (PHIP) method increases the nuclear polarization via a chemical reaction involving parahydrogen, a state where the hydrogen nuclei are oriented so that their magnetic moments cancel (Fig. 2a ). Bowers and Weitekamp initially predicted and verified that the PHIP effect arises in molecules catalytically hydrogenated with parahydrogen [17, 18] . A Fig. 2 a The four possible orientations of the nuclear spin in the hydrogen molecule. b A substrate molecule containing, e.g., 13 C is hydrogenated with parahydrogen. c The spin order of the parahydrogen molecule is converted to nuclear polarization of the 13 C nucleus via a diabatic field cycling scheme requisite is that the hydrogenation mechanism operates by transfer of the hydrogen molecule as a unit onto the substrate (Fig. 2b) . The nonequilibrium spin order of the parahydrogen molecule can be converted to nuclear polarization of the 13 C nucleus in the substrate either by means of diabatic-adiabatic field cycling [11, 19] or by a sequence of radio frequency (RF) pulses [20] , (Fig. 2c) .
Imaging of hyperpolarized agents
Properties of hyperpolarized 13 C The ability of conventional 1 H MRI to differentiate between various soft tissues and detect pathology is based foremost on the inherently different relaxation times (T 1 , T 2 , and T 2 *) of different tissues but also on differences in proton density. With the administration of paramagnetic contrast agents, the relaxation rates (1/T 1 , 1/T 2 ) of adjacent protons will increase related to the concentration of the agent. Depending on the type of imaging sequence, the increased relaxation rates can result in either an increased or a decreased signal where the agent accumulates, thereby increasing the image contrast [21] [22] [23] [24] .
For hyperpolarized agents, the mechanism is fundamentally different: the hyperpolarized nuclei create the signal themselves rather than moderating the signal from surrounding protons. The signal strength and the SNR are thus linear functions of the concentration and the polarization level of the hyperpolarized agent (Eq. 3) contrary to the conventional paramagnetic agents. Furthermore, since the natural abundance of 13 C is far below the detection limit of typical imaging protocols, hyperpolarized 13 C images completely lack background signal. In this respect, hyperpolarized 13 C MRI behaves similarly to modalities such as positron emission tomography (PET) and single photon emission computed tomography (SPECT) where the radiation from the injected tracer is detected and where the signal amplitude is directly proportional to the concentration of the agent. The lack of background signal is advantageous in many applications, e.g., angiography, where highest possible contrast between vessels and background is desired. On the other hand, without background signal, the anatomical interpretation of the 13 C images may be problematic. In such cases, proton reference images with orientations corresponding to the 13 C images must be acquired to provide or increase the anatomical information.
Hyperpolarized 13 C has only recently become available at polarization levels adequate for MRI [11, 12, 19, 25, 26] . Currently, polarization levels of 20-30% can be obtained by the DNP and PHIP methods, with in vivo T 1 and T 2 relaxation times up to ∼40 s and ∼4 s, respectively. The concentration of a liquid hyperpolarized 13 C imaging agent is anticipated to range from 0.3 to 1.2 M in the injection syringe. Due to relaxation and dilution in the vascular system, the estimated first-pass concentration ranges from 2 to 40 mM [24] . This is far below the typical 1 H concentration of 80 M, but since the hyperpolarization process can enhance the signal more than 10 5 times, the 13 C substance itself can be visualized by 13 C MRI within a reasonable time scale. Previously inaccessible changes in molecular structures may thus be monitored.
Considerations for imaging of hyperpolarized 13 C An important characteristic of hyperpolarized MRI compared with conventional MRI is that longitudinal magnetization consumed during the imaging process cannot be regained by relaxation processes. Besides the inevitable loss of longitudinal magnetization due to T 1 relaxation, the RF pulses of the imaging sequence will convert unrecoverable longitudinal magnetization to transverse magnetization. Two imaging strategies are therefore possible: either to excite the object with a rapid train of low flip-angle RF pulses, each one destroying only a very small fraction of the available longitudinal magnetization, or to generate the complete image in a single shot (either after one large RF excitation or by using a train of refocusing RF pulses, which re-uses the transverse magnetization). The low flipangle approach has commonly been used for hyperpolarized gas imaging [27, 28] where the rapid diffusion of the nuclei causes a quick loss of phase coherence (short T 2 *) and hence makes it impractical to reuse the magnetization from one phase-encoding step to the next.
With the much longer T 2 relaxation (seconds) of hyperpolarized 13 C, it is feasible to use single-shot sequences based on true fast imaging with steady state free precession (trueFISP), rapid acquisition with relaxation enhancement (RARE), or echo planar imaging (EPI), which convert the initial longitudinal magnetization to usable transverse magnetization with nearly 100% efficiency and thereby give improved SNR. With this technique, it is possible to acquire several images with high temporal resolution to study the distribution of the contrast agent [29] . However, since the gyromagnetic ratio for 13 C is four times lower than for 1 H, correspondingly stronger gradients are needed to achieve equal spatial resolution within equal time.
Obviously, the decaying nature of the hyperpolarization restricts the time window for clinical diagnostic imaging to two to three times the T 1 relaxation time. For an injected 13 C-labeled substance, imaging must thus take place within a few minutes after the injection. An i.v.-injected substance reaches the right heart and the lungs in ∼4 s, the left heart in ∼10 s, and the other major organs in 15-40 s. Most signal will therefore be present in the lungs, heart, brain, liver, and kidneys at the time of image acquisition.
Clinical applications of hyperpolarized 13 
C
Vascular imaging with hyperpolarized 13 
The availability of liquid hyperpolarized compounds with long relaxation times renders "real-time" vascular imaging with hyperpolarized 13 C possible as a new tool to examine pathological conditions. The feasibility of hyperpolarized 13 C for MRA has recently been investigated [26, 29] . An example of a 13 C angiogram, depicting the main arteries of a guinea pig head after i.a. injection in the aortic arch, is shown in Fig. 3 . Since the background signal in 13 C MRI is negligible, the contrast-to-noise ratio (CNR) will be high and, at least initially before the imaging agent has leaked into the extracellular space, the CNR will approach the SNR. Consequently, the vasculature can be visualized using thick imaging slices or even projection techniques. Fig. 4 shows thick-slice (15 cm) imaging of the coronary arteries in a pig during arterial injection of 5 ml hyperpolarized 13 C through a catheter placed at the left anterior descending (LAD) coronary artery. During the injection, trueFISP images were acquired with 300-ms intervals. The main disadvantage of using 13 C for angiography is that the lower gyromagnetic ratio of 13 C makes it difficult to achieve a spatial resolution matching proton angiograms unless the echo and repetition times are substantially prolonged, which in turn may degrade the image quality.
Perfusion imaging
Perfusion measurements with conventional gadolinium (Gd)-based MRI contrast agents posses several problems due to the indirect relationship between signal and tracer concentration. For example, for techniques that rely on the dynamic-susceptibility contrast effect, the tissue's vascular composition also affects the obtained amount of signal [30] , and for methods where the T 1 -shortening effect of conventional contrast agents is utilized [31] , linearity between tracer concentration and signal is typically only present at very low concentrations. As a result, quantification of perfusion is difficult when conventional tracers are employed. If a direct signal source, such as a hyperpolarized 13 C tracer, is used, several of these problems are avoided [32] . Compared with traditional tracers, the depolarization of the tracer during the course of the measurement is potentially a complicating factor in the quantitative analysis. However, it has been demonstrated that the assessment of tissue blood flow in general is not influenced by the tracer depolarization [32, 33] . The 13 C tracers investigated so far do not traverse the blood-brain barrier in any significant degree and therefore are restricted to the vascular bed. As a consequence, the assessment of cerebral perfusion can be expected to be an especially demanding task due to SNR limitations. However, cerebral perfusion has been investigated in rats [32] and theoretical considerations [33] indicate that cerebral perfusion assessment using bolus tracking following venous tracer administration may still be feasible in larger species, as well, although the spatial resolution may have to be compromised.
In other tissues, such as heart, kidney, and lung, the SNR status is considerably more favorable since the distribution volumes of the tracer in these tissues are substantially higher. The extraction fractions of the tracers are also expected to be high due to the low molecular weights of the investigated tracers although this statement needs further experimental verification. The potential complications emanating from the fact that the tracers reach the interstitial space also requires further investigation. In Fig. 5 , the perfusion map from pig myocardium obtained following venous tracer administration is shown [34] .
Besides the traditional models used to evaluate perfusion, as adopted from nuclear medicine, the fact that the spin population of a hyperpolarized tracer is not in thermal equilibrium also makes it possible to assess perfusion in a novel way. In a study performed in rabbit kidneys, it was demonstrated that by repeated RF depolarization of the tracer within the imaging slice, tissue blood flow could be assessed since the tissue signal thereby only reflects the inflow between successive measurements [35] . Fig. 3 Angiogram depicting the arteries in a guinea pig head. The image was acquired after intraarterial injection of 13 C hyperpolarized with the parahydrogen-induced polarization (PHIP) method. The pulse sequence was a projection true fast imaging with steady state free precession (trueFISP) with 500 ms scan time The resulting perfusion map is shown in Fig. 6 . The perfusion estimates obtained in this way have several attractive properties, such as insensitivity to arterial dispersion and the possibility to determine the influence of noise on the estimates. In addition, the assessment can also be used to derive information about the transit time and the dispersion of the blood in the arteries supplying the investigated tissue.
By administering the tracer via arterial catheters, the dilution of the tracer concentration is reduced. Images obtained following arterial injection of a hyperpolarized tracer, for example, acquired as a part of an interventional investigation, therefore exhibit very high SNRs. As a comparison, intraarterial injection would be less beneficial for contrast-enhanced 1 H perfusion imaging because very high Gd concentrations typically destroy the signalconcentration linearity and reduce the SNRs. In Fig. 7 , examples of relative perfusion maps obtained in this fashion are demonstrated in pig kidney and heart. Pulmonary circulation and perfusion MRI measurements of pulmonary perfusion have traditionally been performed either with the arterial-spin-labeling technique or with T 1 -weighted imaging using the first pass of a Gd-based contrast agent [36] . With the new hyperpolarization techniques, perfusion information can be obtained by direct imaging of the hyperpolarized agent. As an example, lung images of a pig after injection of hyperpolarized 13 C are shown in Fig. 8 . The images depict the first pass of the hyperpolarized agent in a normal pig (Fig. 8a ) and in the same pig after occluding the right pulmonary artery with a balloon catheter (Fig. 8b) .
For investigation of lung disease, regional determinations of the ventilation/perfusion ratio _ V A _ Q À Á are of particular interest because of the key role of _ V A _ Q in gas exchange [37] and has been the usual initial investigation in patients with suspected pulmonary embolism [38] . The established method to characterize _ V A _ Q is the multiple inert-gas-elimination technique (MIGET) [39] , which, however, cannot provide spatial information on the distribution of _ V A _ Q within the lung. Recent studies have utilized either SPECT or PET to measure _ V A _ Q , where the spatial resolution is limited to 1-2 cm 3 at best [40] . Potentially, pulmonary perfusion imaging with hyperpolarized 13 C may be used to obtain high-resolution perfusion maps, which in turn may be combined with ventilation data to yield a high-resolution _ V A _ Q map. High-resolution ventilation data may be provided, e.g., by oxygen-enhanced MRI [41, 42] or Xe-enhanced CT [43] . The map (in color) was determined from a series of ECG-gated fast imaging with steady state free precision (trueFISP) images via curve fitting using the Kety-Schmidt technique [55] and is overlaid on a proton image. The trueFISP images were acquired with ∼2-s intervals Fig. 4 The coronary arteries of a pig visualized during arterial catheter injection of hyperpolarized 13 C. True fast imaging with steady state free precision (trueFISP) images with 300 ms scan time were acquired continuously during the infusion (0.6 ml/s). The slice thickness was 15 cm. The rightmost X-ray image shows the position of the catheter and the coronary arteries after injection of X-ray contrast media Fig. 8 True fast imaging with steady state free precision (true-FISP) 13 C images of pig lungs. Images show the first pass of parahydrogen-induced polarization (PHIP) hyperpolarized 2-hydroxyethylacrylate in normal lungs (a) and after occlusion of the right pulmonary artery with a balloon catheter (b). The bright signals visible in the left lung originate from blood in the left ventricle and the aorta Fig. 6 Quantitative perfusion map of the renal cortex in a rabbit. The map was obtained from a series of true fast imaging with steady state free precision (trueFISP) images, which repeatedly destroy the polarization within the slice (1.5 s between images). The compound 2-hydroxyethylacrylate was polarized using the parahydrogen-induced polarization (PHIP) method and injected via an ear vein (0.30 M, 0.3 mmol/kg) Fig. 7 True fast imaging with steady state free precision (true-FISP) 13 C images of the renal cortex (a) and myocardium (b) in a pig, acquired directly after intraarterial administration of 2-hydroxyethylacrylate in the renal artery and in the left anterior descending (LAD) and circumflex (CX) coronary arteries, respectively. The slice thickness is 1 cm in both images. Since tracer outflow is expected to be negligible, the images represent relative perfusion maps of the two tissues Catheter tracking and visualization MRI has several advantages as a guidance modality for biopsy procedures: multiplanar imaging capabilities enable the catheter to be visualized in three orthogonal planes, a lack of ionizing radiation, and both 2D and 3D imaging modes. MRI-based active catheter tracking methods [44, 45] may suffer from practical limitations, such as hampered mechanical properties as well as tissue heating caused by the catheter RF coils [46, 47] . Passive tracking methods based on susceptibility-artifacts induced by dysprosium oxide markers depict discrete points along the catheter only [48] , and the use of catheter contrast agents with short T 1 relaxation times may suffer from insufficient signal difference between catheter and surrounding tissue [49] .
The lack of background signal in hyperpolarized 13 C imaging and, consequently, the high CNR, makes 13 C substances potentially attractive for interventional endovascular MRI procedures [50] . By using an MR system capable of multinuclei transmit and receive, 13 C cathe- Fig. 9 13 C catheter tracking along the aorta of a pig. The catheter was flushed with hyperpolarized 13 C, and images were acquired with a frame rate of two projections/s. Using projection imaging, the catheter is visualized without background (a). A 3D representation of the catheter was reconstructed from two orthogonal 13 C projections and merged with a 3D 1 H roadmap. The catheter (color) may be visualized in a slice though the volume (b), or as a maximum-intensity projection (c) Fig. 10 Catheter tracking of the renal arteries in a pig. A bolus of 2-hydroxyethylacrylate was injected into the kidney via a separate channel of the catheter. The 13 C image series (color) was acquired using a true fast imaging with steady state free precision (trueFISP) sequence with in-plane resolution 2×2 mm 2 and acquisition time 329 ms/image. Because the images were acquired as coronal projections, the renal cortex is visible throughout the kidney as opposed to the kidney image in Fig. 7 , which has a slice thickness of 1 cm ter images may be acquired simultaneously or interleaved with proton "roadmap" images followed by on-line image fusion. Such 13 C projection images overlaid on a 1 H roadmap may be used directly for interventional guidance. However, multiple 2D projection images of a moving 13 C catheter could also be used for 3D reconstruction of the catheter via back-projection. This will give a direct geometrical correspondence between the 13 C catheter and the 1 H anatomical roadmap images where the position of the 1 H roadmap image plane could be selected to be at the tip of the catheter. An example of such a 3D catheter reconstruction and image fusion with a subsequently acquired 3D proton roadmap is shown in Fig. 9 where the 13 C catheter was traveling through aorta from the aortic arch in a pig.
Another example of 13 C catheter tracking in the aorta and renal artery of a pig is shown in Fig. 10 . When the catheter tip had reached a position proximal to the right kidney, a few milliliters of the contrast agent was ejected via a separate channel of the catheter and flushed into the kidney. This shows a potentially clinically important feature because it is now possible not only to visualize the catheter used for the interventional procedure with high spatial resolution but also the injected substance. During chemical ablation and therapy, this is a critical factor. By monitoring the passage of the 13 C agent through the kidney, as shown in Fig. 10 , additional information may be gained about the excretory status of the kidney.
Future directions-metabolic imaging
For metabolic imaging, highly interesting information can be obtained from an NMR-active nucleus since its resonance frequency is a function of its chemical and physiological environment. This property is utilized in the fields of analytical NMR spectroscopy in vitro and clinical MRS in vivo [51] [52] [53] . Due to SNR limitations, MRS is primarily restricted to protons, 19 F, 31 P, and 23 Na, and to the use of large voxels (∼1 cm 3 ) and long scan times (3-30 min). The spectral information obtained from chemical-shift imaging (CSI) is a potential strength of MRI compared with other modalities: while PET and SPECT only reveal the distribution of the active nuclei regardless of whether they are still contained within the injected molecules or not, NMR is capable of distinguishing signals from the tracer nuclei in different molecules.
For 13 C-labeled compounds, it is mainly the molecular structure that determines the chemical shift. CSI has been used to image the distribution within the brain of metabolites from 13 C-labeled substances, such as glucose and alanine [54] . Without hyperpolarization, long scan times (minutes) have been required to generate such images. By using the hyperpolarization technique, imaging of the metabolic processes can be accomplished in substantially faster times (seconds). For instance, distribution patterns may be visualized by injection and imaging of several hyperpolarized 13 C molecules simultaneously. In this way, valuable information about membrane structure and permeability may be obtained.
With the ability to polarize 13 C-labeled substances to >20%, MRI may emerge beyond anatomical (e.g., angiography) and functional (e.g., perfusion and diffusion) visualization. Since hyperpolarized 13 C MRI directly gives information about the chemical environment of the hyperpolarized nucleus, investigation of tissue and cell viability (direct molecular imaging) may be feasible.
Conclusion
The availability of injectable, hyperpolarized 13 C substances breaks new ground for MRI. When the RF coils and receivers are tuned to the 13 C resonance frequency, the detected signals will come from the injected substance solely. The concept of detecting signals from the injected substance only is similar to PET and SPECT imaging. However, RF excitation and subsequent signal detection in MRI take place without involving ionizing radiation, contrary to PET and SPECT where ionizing radiation is emitted by the tracer. It has been demonstrated that hyperpolarized 13 C-labeled substances are feasible for several MRI applications. As an image modality, MRI combined with a 13 C hyperpolarized imaging agent offers the possibility of obtain information about flow, perfusion, and molecular behavior in vivo. This novel platform will offer radiologist new information of importance for medical diagnosis and treatment.
